1. Introduction {#S1}
===============

Arterial aneurysms, permanent focal dilations, often occur in cerebral arteries, carotid arteries and aorta and aneurysm rupture leads to very high death rates ([@R47]; [@R48]). Abdominal aortic aneurysm (AAA) is the most common type of aneurysm and is the 13th leading cause of death. Aneurysm is often detected by medical imaging and is often asymptomatic until rupture ([@R6]). Aneurysm size is commonly used as an indicator of aneurysm rupture risk, but many small aneurysms do rupture ([@R48]). It is believed that the wall stress is a better predictor of aneurysm rupture than maximum diameter in surgical selection ([@R12]; [@R31]; [@R10]; [@R15]). Mechanically, aneurysm rupture occurs when the stress in the aneurysm wall exceeds its failure strength. Therefore, it is necessary to better understand the wall stress in aneurysms under physiological and pathological conditions.

Aneurysms are usually affiliated with tortuous arteries ([@R37]; [@R22]; [@R13]; [@R1]) and aneurysmal tortuosity has been suggested as a risk factor for AAA rupture ([@R22]; [@R13]; [@R40]; [@R15]). Artery buckling could lead to tortuous vessels associated with aging and cardiovascular diseases ([@R18], [@R19]). It has been demonstrated that aneurysmal and normal arteries buckle when the lumen pressure exceeds the critical buckling pressure which is a function of material properties, dimensions, and axial stretch ratio ([@R18], [@R19]; [@R20]; [@R29]; [@R27]). The critical buckling pressure is the critical pressure value at which the artery become unstable with quick increase in deflection due to buckling can significantly affect the wall stress in normal and aneurysmal arteries ([@R16]; [@R32]).

On the other hand, aneurysm formation could reduce the axial tension and hence decrease the critical buckling pressure and thus making the vessel more vulnerable to buckling ([@R35]; [@R29]).

Flow and wall stress analyses of normal and aneurysmal arteries have been studied extensively using computational solid stress (CSS) and fluid-structure interaction (FSI) methods in order to understand the mechanisms of aneurysm rupture and predict rupture locations ([@R34]; [@R41]; [@R42]; [@R8]; [@R5]; [@R29]; [@R27]). FSI studies have investigated the morphological factors that affect the wall stress distribution in aneurysmal arteries with influence of intraluminal thrombus ([@R4]; [@R5]) arterial wall material ([@R39]; [@R50]), vessel geometry ([@R14]; [@R43]; [@R31]). Recently, [@R29] studied the stability of aneurysmal arteries under static pressure. Their analysis showed that the deflection increases nonlinearly with increasing lumen pressure and aneurysmal arteries had a smaller critical buckling pressure than normal vessels. However, the effects of blood flow on stability of aneurysmal arteries were not considered. Very recently, [@R27] investigated the effects of axial tension and flow rate on a normal carotid artery stability under steady-state and pulsatile flow using 3D FSI modeling. Their results demonstrated that pulsatile pressure affects the critical pressure while the flow rate magnitude had a negligible influence (\<5%) on the critical buckling pressure for both steady-state flow and pulsatile flow. Artery buckling has significant effects on the lumen blood flow and wall stress in normal arteries ([@R27]). It is evident that aneurysms and geometric variations would affect flow and arterial wall stress ([@R7]; [@R8]). Thus, the FSI modeling is needed to better understand the buckling of aneurysmal arteries under pulsatile flow conditions.

The aim of this study is to assess the stability of fusiform aneurysmal arteries under steady and pulsatile flow using 3D FSI simulation. By doing so, we hope to capture the morphological factors that result in aneurysmal arteries instability.

2. Methods {#S2}
==========

The mechanical instability of aneurysmal arteries, both the critical buckling pressure and post-buckling deflection behavior were investigated using FSI modeling of aneurysmal arteries. In addition, the effects of pulsatile pressure were illustrated by comparing the FSI results with the results from a static internal pressure and steady flow simulations.

2.1. Geometry {#S3}
-------------

It has been proven that spherically shaped aneurysm (length-to-diameter ration, *L/D* = 1) demonstrated a higher critical buckling pressure than elliptically shaped aneurysm *(L/D* ≠ 1) ([@R29]). Therefore, a cylindrical artery model with a spherically shaped aneurysm (fusiform) was created based on the dimensions and material properties of aneurysmal arteries from our previous study ([@R29]) (see [Figure 1](#F1){ref-type="fig"}).

### 2.1.1. Aneurysmal carotid artery {#S4}

Based on our previous measurements ([@R28]; [@R27]), a porcine carotid artery model was created with an internal radius of 2 mm, external radius of 3 mm, thickness of 1 mm and neck length of 46 mm with an aneurysm length and diameter of 10 mm, and aneurysm wall thickness of 1 mm. Based on our previous study ([@R27]), an entry section of length *L~e~* = 20 mm and a tail section of *L~o~* = 20 mm were attached to the model to reduce the inlet and outlet boundaries effects and to obtain fully developed flow.

### 2.1.2. Abdominal aorta with an aneurysm {#S5}

To better understand the buckling behavior of large arteries, an abdominal aorta with a lumen diameter of 17 mm, wall thickness of 1.5 mm, neck length of 80 mm, aneurysm length and diameter of 30 mm, aneurysm wall thickness of 1.5 mm, and entry and tail length of 40 mm was created ([@R29]).

Aneurysmal carotid and aorta arteries models were created for the load-free configuration. Our previous studies demonstrated that the effect of residual stress on artery buckling is negligible for given material properties and for large opening angles ([@R28]; [@R33]; [@R11]). Thus, the residual stress was ignored in the models.

2.2. Fluidmodel {#S6}
---------------

To describe the deformable fluid and solid domains, an arbitrary Lagrangian-Eulerian (ALE) approach was employed to update the fluid mesh to follow the structure motion. The momentum and continuity equations in ALE form are given by [Equations (1)](#FD1){ref-type="disp-formula"} and [(2)](#FD2){ref-type="disp-formula"}.
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Where ρ is the fluid density, *V* is the fluid velocity vector, *V~g~* is the moving reference velocity, *p* is the pressure, and *τ~f~* is the fluid stress tensor. The term (*V* -- *V~g~*) is used to reflect the relative velocity of the fluid with respect to the moving reference velocity. Blood was modeled to be Homogeneous, incompressible, and Newtonian fluid. This is an acceptable assumption for large vessels with inner diameter greater than approximately 0.5 mm as a result of relatively constant apparent viscosity of blood at high shear rates (\> 100/s) ([@R36]; [@R38]) with a density of 1050 Kgm^−3^ and dynamic viscosity of 0.00316 Pa.s, representing human blood properties at 37 °C. The laminar flow was supposed since the peak Reynolds number of 1781 was smaller than the critical Reynolds number of 2300 for smooth pipes.

2.3. Structure model {#S7}
--------------------

A Lagrangian coordinate system is adapted to the solid domain in order to capture the arterial wall displacement due to the hemodynamic forces. The governing equation for the arterial wall is the momentum conservation given by [Equations (3)](#FD3){ref-type="disp-formula"} and [(4)](#FD4){ref-type="disp-formula"} ([@R2])
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Where *σ~ij~* is the solid stress tensor, *D~ijkl~* is the Lagrangian elasticity tensor, *ε~kl~* is the solid strain tensor, *ρ~s~* is the arterial wall density, and *d̈~s~* is the local acceleration of the solid.

These two domains are coupled through dynamic (traction equilibrium) and kinematic (displacement compatibility) conditions, shown in [Equations (5)](#FD5){ref-type="disp-formula"} and [(6)](#FD6){ref-type="disp-formula"}
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Where *d~f~* and *d~s~* denote the fluid and solid displacement vectors at the interface, *v~g~*, *d~s~* are the fluid and solid velocity vectors, and *n* is the outward unit normal vector of the interface.

Based on our prior experimental study of porcine carotid arteries, the arterial wall was assumed to behave as an incompressible, homogeneous, and anisotropic non-linear material as described by the Ogden--Holzapfel two-fiber strain-energy function ([@R28]; [@R32]; [@R33]). The aneurysmal wall was considered to have the same material parameters as the arterial. The arterial material model is defined by [Equation (7)](#FD7){ref-type="disp-formula"}
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The first and second terms indicate the isotropic and anisotropic part, respectively. Where *μ~n~, α~n~, k*~1~ and *k*~2~ are the material constants, λ~1~, λ~2~ and λ~3~ are principal stretches, *I*~4~ and *I*~6~ are Cauchy-Green deformation tensor constants. As obtained by [@R27], Ogden material constants for the artery wall are *α*~1~ = 1.3, α~2~ = 5, *α*~3~ = 0.5, *μ*~1~ = *μ*~2~ = *μ*~3~ = 5662, *k*~1~ = 3449.5 Pa, *k*~2~ = 0.496 Pa with a axial fiber angle of 48.09°, density of 1060 Kgm^−3^ and bulk modulus of 2.4e07.

2.4. Boundary conditions {#S8}
------------------------

Experimental measurements have shown that the mean flow rate of carotid and abdominal aorta arteries are 370 and 1360 ml/min, respectively ([@R9]; [@R24]; [@R31]). Vascular diseases and surgery may reduce the normal axial stretch ratio of blood vessels (1.5) ([@R21]). In addition, to investigate the effect of blood flow on the critical buckling pressure and post-buckling deflection, an aneurysmal carotid artery and an aneurysmal abdominal aorta respectively with a mean flow rate of 370 ml/min and 1360 ml/min under normal (1.5) and reduced (1.3) stretch ratio have been simulated. At the arterial ends, there is only one degree of freedom per node in radial direction to prevent stress concentration. The external pressure on the outer surface was prescribed to be zero.

Arteries are subjected to a large axial tension in vivo ([@R21]). So, the axial strain should be applied to achieve the physiological level of living tissues. The FSI simulations consisting of two phases. First, a designated axial stretch (i.e. 1.3 or 1.5) was implemented on all nodes at the arterial ends in 10 time steps (0.1 s). In this interval, the steady-state flow with a uniform inlet steady velocity and outlet pressure was applied to achieve diastolic velocity and pressure (i.e. 0.23 m/s and 80 mmHg for normal conditions). Then, the results of steady-state flow initialized the pulsatile flow simulation. During the second phase, the time-dependent inlet velocity and outlet pressure were used as a boundary conditions for aneurysmal artery. As discussed by our previous study ([@R27]), in the absence of porcine carotid arterial flow data, the patient-specific inlet velocity and outlet pressure from a healthy 23-year-old subject which measured by [@R23] were considered for pulsatile flow simulation. The human inlet velocity and outlet pressure waves are shown in [Figure 2](#F2){ref-type="fig"}. In the CSS analysis, a static pressures in the range of 10--130 mmHg were employedtothe internal lumenofartery which was axially stretched to a desired stretch ratios. The entry and tail sections were considered as fixed with no buckling or rotation, yet radial expansion was possible. The lateral deflection was determinedas the displacement of the artery central line from its initial baseline at zero pressure. The critical buckling pressure was defined as the lateral deflection became about 1 mm from the initial position.

The simulation of the aneurysmal artery under static pressure and steady-state flow were done to compare the deflection behavior with pulsatile flow results. We used the same boundary conditions for steady-state flow as pulsatile flow simulation except that the time-dependent inlet and outlet boundary conditions were substituted by uniform inlet steady velocity and constant outlet pressure.

2.5. Model implementation {#S9}
-------------------------

We used the finite element solver ADINA (v9.0, ADINA R&D, Inc., Watertown, MA) to solve the fully coupled FSI and CSS models. The fluid was modeled with 3D four-node flow-condition-based interpolation (FCBI) elements. The 3D 27-node solid elements were utilized for the solid domain. The solid domain was employed the large displacement and large strain in conjunction with mixed pressure-displacement interpolation for the arterial wall. The governing equations were solved by sparse matrix solver based on Gaussian elimination. The full Newton method with direct FSI solution coupling which has a maximum of 100 iterations per time step was employed. Force and displacement relaxation factors in the range of 0.45--0.65 were used to maintain the solution stability. To achieve the optimum grid size, the number of elements increased in the solid and fluid domains by a factor of 1.2 until the global flow and solid characteristics between the grids became less than 3%. The maximum lateral deflection and the maximum wall shear stress at the maximum deflection area were selected as an indicator of convergence for the solid and fluid domains, respectively. The aneurysmal carotid and abdominal aorta final grids are, respectively, composed of 16,896 and 33,024 hexahedral (brick) elements for the solid, 28,910 and 108,142 tetrahedral elements for the fluid domains.

3. Results {#S10}
==========

The simulation repeated for three cardiac cycles to achieve the periodic solutions. We have considered the third cycle results to analyze since the solution has been periodic. The third cycle solution time has been mapped from *t* = 0 to *t* = 1s.

3.1. Post-buckling deflection and critical buckling pressure {#S11}
------------------------------------------------------------

Our simulation captured the buckling behavior of the aneurysmal artery. The initially straight vessel become curved due to buckling under increased pressure ([Figure 3](#F3){ref-type="fig"}). The lateral deflection starts when the lumen pressure reached the critical buckling pressure and continued to increase nonlinearly with increasing lumen pressure post-buckling.

The maximum deflection at the middle of the buckled artery as a function of mean lumen pressure for the aneurysmal artery under steady-state, pulsatile flow, and static pressure with normal and reduced stretch ratios are plotted in [Figure 4](#F4){ref-type="fig"}. The results showed that artery buckled at a critical pressure. The aneurysmal artery at a given stretch ratio had a similar post-buckling behavior under steady-state and pulsatile flow. The deflection of aneurysmal artery under static pressure was smaller than under steady steady-state and pulsatile flow, yet the trends were similar.

The comparison of the critical buckling pressure for aneurysmal artery under different types of pressures is presented in [Table 1](#T1){ref-type="table"}. The results demonstrated that diameter and axial stretch ratio of artery could change the critical buckling pressure. For an artery at a given axial stretch ratio, the critical buckling pressure is the heisted under static pressure and the lowest under pulsatile pressure. For the steady-state flow, the critical buckling pressure had 15--40% higher value than the pulsatile flow.

3.2. Flow field pattern and effective stress under pulsatile flow {#S12}
-----------------------------------------------------------------

The deflection of aneurysmal artery changes the flow velocity profile that leads to vortex formation at the center of the aneurysm ([Figure 5](#F5){ref-type="fig"}). In the first half of the artery, the fully developed velocity profile changes its direction toward the outer side and then the recirculation zone is formed at the middle of the aneurysm. Then, the direction turns toward the inner side in the second half of the artery. The maximum effective stress located at inner side of the wall at the maximum deflection area. The effective stress alters at the region where the artery curvature changes.

The maximum lumen shear stress, which is located at the outer side of the bend at the maximum deflection area, increased with increasing pressure ([Figure 6](#F6){ref-type="fig"}). High shear stresses are located at the middle of the neck length and near the aneurysm due to the curvature alternation. Similar patterns are observed for the temporal variations of the lumen shear stress at the inner and outer sides of the bend at the maximum deflection area. The time averages of wall shear stress for normal and reduced stretch ratios with a mean pressures of 60 and 130 mmHg are reported in [Table 2](#T2){ref-type="table"}. The results demonstrated that the lumen shear stress depended on the mean lumen pressure and the axial stretch ratio. The time average of wall shear stress increases with mean lumen pressure and while it shows a decreasing trend with axial tension. The negative shear stress is due to flow separation and recirculation zone at the inner side.

Buckling changes the particle trace pathlines and pressure contours under pulsatile flow ([Figure 7](#F7){ref-type="fig"}). Particles pursue the deflection of the neck length since the flow velocity profile is fully developed at the entrance. But the velocity decreases as the flow enters the aneurysm and some vortices form. Mean lumen pressure and axial stretch ratio control the recirculation zone size. Mean lumen pressure and axial stretch ratio are directly and inversely proportional to the size of the recirculation zone, respectively. The pressure contours represent that the maximum and minimum of the lumen pressure are located respectively at the outer and inner sides of the bend as a result of centrifugal effect. Due to the large diameter in abdominal aorta, the deflection magnitude and recirculation zone size increase.

Artery buckling alters the flow velocity profile at the maximum deflection area ([Figure 8](#F8){ref-type="fig"}). First, the flow is accelerated to reach its peak and so the velocity vectors are attached to the aneurysm wall due to its high velocity. At the peak systolic flow, the flow pattern is symmetric. At the end of systole, which is the time of maximum deflection, a symmetric vortex appears near the aneurysm wall since the flow is decelerated, yet the flow moves forward at the center of the aneurysm. During diastole, the flow velocity slightly rises and dissolves the vortices. Then a small vortex emerges in the middle of the aneurysm at the end of diastole.

[Figure 9](#F9){ref-type="fig"} indicates the velocity profile of aneurysmal abdominal aorta under pulsatile flow with a stretch ratio of 1.5 at the maximum deflection time. As the artery buckles, the fully developed velocity profile changes and reaches its minimum at the maximum deflection area. Same as aneurysmal carotid artery, the velocity increases in the second half of the artery.

3.3. Arterial wall stress under pulsatile flow {#S13}
----------------------------------------------

The perimeter of the aneurysm lumen surface was divided equally by four points (inner, outer, M1, M2) at the maximum deflection area to investigate the wall stress changes. To probe the wall stresses, four lines passing through the above mentioned points were chosen ([Figure 10](#F10){ref-type="fig"}). [Figure 10](#F10){ref-type="fig"} shows the temporal variation of normal stresses (radial, circumferential, axial) and shear stresses (*rθ*, *rz*, *θz*) at the inner, outer, M1, M2 at the maximum deflection area. A comparison with an unbuckled aneurysmal artery, which has one-third of the vessel length at the same pressure and stretch ratio is presented ([@R27]). In both cases, the normal stresses are the dominant since shear stresses are one order of magnitude smaller. Due to symmetry, a considerable overlap is observed between the normal stresses at M1 and M2 points. It is seen that all stress components have two peaks which are related to the two peaks in the pressure wave. The unbuckled aneurysmal artery reaches its maximum normal stress 100 ms sooner than the buckled aneurysmal artery. Buckling leads to a 32% increase in peak radial stress, 118% in peak circumferential stress, and 116% in peak axial stress compared to the unbuckled aneurysmal artery. The circumferential and axial stresses reach their maximum value of 550 and 546 KPa at outer and M1 points, respectively.

3.4. Spatial changes of wall stress under pulsatile flow {#S14}
--------------------------------------------------------

Buckling leads to dramatic spatial changes of normal stresses at the maximum deflection time ([Figures 11](#F11){ref-type="fig"} and [12](#F12){ref-type="fig"}). The results indicate that increasing lumen pressure causes higher wall stresses. Symmetric variation patterns are observed along the circumferential and axial locations in the buckled aneurysmal artery. Circumferential variation of radial stress is almost constant except for high mean lumen pressures. The peak of axial and circumferential stresses occurs near the region where the curvature of lumen surface changes. Outer and inner points have maximum circumferential stress while the maximum axial stress occurs at M1 and M2 points.

4. Discussion {#S15}
=============

This study investigated the buckling behavior of the aneurysmal arteries (fusiform aneurysm) under static pressure, steady-state flow, and pulsatile flow. Fusiform Aneurysm often occurs in arteries and aneurysmal arteries are often tortuous along its central line. In this study, aneurysmal arterial models were created by adding a spherically shaped dilation ([@R29]). The results demonstrated that the aneurysmal artery buckled and became tortuous under a lumen pressure higher than the critical pressure. The deflection of aneurysmal artery increases nonlinearly with mean lumen pressure. For all loading conditions, the critical buckling pressure is 7--26% smaller at an axial stretch ratio of 1.3 than at 1.5. Mechanical instability alters the stress distribution patterns and also increases the peak wall stress. It is seen that the trend of buckling under steady-state and pulsatile flow are similar at low frequency (\<5 Hz).

In general, aneurysm walls differ from normal arteries. As the aneurysms commonly seen in humans are thinner and weaker than normal walls. Our previous study had examined the aneurysmal wall stiffness on aneurysmal artery buckling and demonstrated that wall stiffness does not affect the trend of artery buckling ([@R29]). Thus, we used the same material constants for simplicity. Our results indicate that aneurysms would reduce the stability of arteries. In addition, the presence of an aneurysm resulted in a higher lumen stress compared to the normal artery under the same lumen pressure. These are consistent with our previous results and suggest that it is reasonable to use the same material parameters.

4.1. Model validation {#S16}
---------------------

In our previous study ([@R29]), buckling tests were done in porcine carotid arteries with small aneurysms created using elastase treatment to determine the effect of aneurysms on arterial buckling instability and the effect of buckling on aneurysm wall stress. Comparison of our results with previous experimental results by [@R29] validates our model results. While in the arteries were tied at the ends to diameter matched cannulate restraining the ends from any movement, arteries in vivo are supported by surrounding tissues and the overall lengths are fixed between the anatomical positions due to branch and surrounding tissue tethering. In this study, we constrained all of DOF except in radial direction at the end of artery to approximate the in vivo conditions. In addition, although we assumed fixed boundary condition at the both ends, this boundary condition is applicable to arteries under various boundary conditions using equivalent length ([@R17], [@R18]).

The results from the transient FSI analysis demonstrated a higher the maximum aneurysm wall stress up to 29% compared with a static pressure-deformation study at the peak lumen pressure of 130 mmHg which is in line with the results reported by [@R42]. The maximum wall stress is located at the inner wall of the aneurysm which is consistent with the results of FSI studies on thoracic aortic aneurysm by [@R46] and AAA by [@R30]. We also found that changing the axial stretch ratio and flow conditions alter the critical buckling pressure. The critical buckling pressure under pulsatile flow is 15--40% (\<12 mmHg) smaller than steady-state flow which is in agreement with the results of a recent study by [@R27] for normal arteries.

4.2. Limitations {#S17}
----------------

There are a few limitations in the present study. First, an idealized aneurysm shape with uniform wall thickness was used based on the dimensions measured from our previous experiment, instead of the actual patient-specific irregular aneurysm shape was chosen for simplicity to illustrate the effect of pulsatile blood flow on stability of aneurysmal arteries. Further studies are needed to fully investigate the effect of patient-specific non-uniform wall thickness model in the presence and absence of intra-luminal thrombosis on critical buckling pressure. While including these detailed information improves accuracy of FSI analysis, the current idealized model illustrated how aneurysm affect artery stability.

Second, we have ignored the effects of surrounding tissue, and non-Newtonian blood flow on the buckling behavior. The effects of surrounding tissue on artery stability have been illustrated by our previous theoretical and experimental studies ([@R17]; [@R28]) and we think the effect on aneurysmal arteries will be similar. Due to the high shear rates in large arteries, non-Newtonian behavior of blood flow could be negligible ([@R36]; [@R38]).

Finally, we have used human carotid flow and pressure waveform with a frequency of 1 Hz instead of porcine carotid artery data, while porcine carotid artery data are not available ([@R25]). In addition, though two fixed ends were used for the aneurysmal artery, different boundary conditions could be applied to the model using an equivalent length ([@R20]).

4.3. Clinical relevance {#S18}
-----------------------

Tortuosity often occurs in aneurysmal arteries associated with high risk of rupture ([@R22]; [@R13]; [@R26]). Tortuous arteries associated with aneurysm could alter the blood flow and may lead to intraluminal thrombus (ILT) formation that related to wall stress alternation in the aneurysm ([@R46]; [@R3]; [@R49]). Our results showed that increasing lumen pressure beyond the critical buckling pressure may lead to tortuosity in aneurysmal artery and hence heighten their rupture risk. In addition, buckled aneurysmal arteries in comparison with unbuckled ones, have higher peak wall stresses. Our results indicate that the recirculation zone appears during peak-systole, at the time of maximum deflection, results in local flow stagnation. As the lumen pressure increases, the stagnation zone size increases as does the particle (platelet) residence within the aneurysm, which in turn may initiate the intraluminal thrombus development ([@R45]). This is consistent with the results revealed from clinical examinations that the growth of ILT might indicate the risk of aneurysm rupture ([@R44]). Consequently, this new finding would help to predict aneurysm growth in the long term and helpful for clinical diagnosis and treatment.

4.4. Significance {#S19}
-----------------

This study is novel in studying the instability of fusiform aneurysmal arteries under various loading conditions (static pressure, steady-state flow, and pulsatile flow). This is different from previous studies that only looked at buckling of normal arteries under static pressure, or pulsatile pressure ([@R16]; [@R32]; [@R27]). The previous study on aneurysmal artery stability only examined the buckling under static pressure ([@R29]). Our current FSI simulations demonstrated that the formation of an aneurysm reduces the critical buckling pressure under pulsatile flow condition, consistent with previous experimental results ([@R29]). Furthermore, the presence of an aneurysm in tortuous arteries results in vortex flow in the aneurysm. This vortex flow undermines artery stability and reduces the critical buckling pressure, thus aneurysmal arteries are more vulnerable to buckle. Comparison of CSS and FSI simulations showed that the fluid flow has a significant effect on critical buckling pressure. For example, the deflection of the arterial wall is a largely function of the lumen flow under pulsatile flow. The lumen flow due to the generated shear forces causes mechanical instability which can alter the critical buckling pressure and buckling deformation in aneurysmal arteries. However, in steady-state flow, since inlet velocity and outlet pressure are constant, the critical buckling pressure is lower than pulsatile flow. In addition, the magnitude of critical buckling pressure in static pressure simulation is higher than the steady-state and pulsatile flow since there is not any lumen flow in static pressure simulation. The current results broaden our knowledge of the aneurysmal arteries stability under steady state and pulsatile flow to predict the result of surgical intervention.

5. Conclusions {#S20}
==============

Our fully coupled FSI analysis illustrated that aneurysmal artery deflects under lumen pressure that exceeds a critical buckling pressure and increases nonlinearly with lumen pressure. The critical mean buckling pressure is 15--40% smaller at pulsatile flow than steady-state flow, while their deflection versus lumen pressure curves nearly overlap each other at both stretch ratios. Increasing axial tension will increases the critical buckling pressure under static pressure, steady-state flow, and pulsatile flow. Buckling increases the peak wall stress by 118% in the aneurysm. Buckling results in an increment in lumen shear stress at the inner side of the wall, due to an enlargement in the aneurysm recirculation zone. It also increases the normal stresses at the outer side of the wall.
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![Schematic of finite element discretization of three-dimensional aneurysmal artery model including fluid, solid medium interfaces in a longitudinal cross section.](nihms944557f1){#F1}

![Inlet velocity and outlet pressure boundary conditions.](nihms944557f2){#F2}

![Deflection of an aneurysmal artery under increasing lumen pressure: (a) initial condition with no load (b) axially stretched (c) inflated under lumen pressure without buckling (d) initial buckling (e) post-buckling.](nihms944557f3){#F3}

![Comparison of the buckling behavior of the aneurysmal artery as a function of the mean lumen pressure under steady-state, pulsatile flow, and static pressure with a stretch ratios of 1.3 and 1.5 (a) aneurysmal carotid artery (b) aneurysmal abdominal aorta.](nihms944557f4){#F4}

![Velocity vector and effective stress for the aneurysmal carotid artery under pulsatile flow with a lumen pressure of 130 mmHg and a stretch ratio of 1.3 at the time of maximum deflection.](nihms944557f5){#F5}

![The lumen shear stress- rz contours of aneurysmal carotid artery under pulsatile flow with a stretch ratio of 1.3 and lumen pressure of: (a) Pm = 130 mmHg. (b) Pm = 60 mmHg.](nihms944557f6){#F6}

![Particle trace plots of the pathlines and pressure contours at the maximum deflection area for the aneurysmal artery under pulsatile flow with a stretch ratio of 1.5 for a mean pressure of: (a) aneurysmal carotid artery with Pm = 60 mmHg (b) aneurysmal carotid artery with Pm = 130 mmHg (c) aneurysmal abdominal aorta with Pm = 40 mmHg.](nihms944557f7){#F7}

![Velocity vectors for the aneurysmal carotid artery under pulsatile flow with a stretch ratio of 1.5 and lumen pressure of 130 mmHg at the maximum deflection area sections through the different phases of the cardiac cycle (at time *t* = 0.07, 0.18, 0.33, 0.49, and 1 s, respectively). The red point on the black line graph shows the respective time instant on the velocity curve.](nihms944557f8){#F8}

![Velocity profile for aneurysmal abdominal aorta under pulsatile flow with a stretch ratio of 1.5 and lumen pressure of 40 mmHg at the maximum deflection time.](nihms944557f9){#F9}

![Temporal variation of normal and shear stresses for the aneurysmal carotid artery under pulsatile lumen pressure of 80 mmHg with a stretch ratio of 1.5 at the inner, outer, M1, and M2 points. The results are compared with an unbuckled aneurysmal carotid artery under the same conditions.](nihms944557f10){#F10}

![Circumferential variation of wall stress of aneurysmal carotid artery for the outlet pulsatile pressures in the range of 50--130 mmHg with a stretch ratio of 1.3 at the time of maximum deflection.](nihms944557f11){#F11}

![Axial variation of wall stress of aneurysmal carotid artery along the outer and M1 curves for the outlet pulsatile pressure of 50 and 80 mmHg with a stretch ratio of 1.5 at the time of maximum deflection.](nihms944557f12){#F12}

###### 

Critical buckling pressure (mmHg) under steady-state, pulsatile flow, and static pressure (SR = stretch ratio; Qm = mean flow rate).

  Aneurysmal artery   SR    Steady-state flow   Pulsatile flow   Static pressure
  ------------------- ----- ------------------- ---------------- -----------------
  Carotid             1.3   39                  33               52
                      1.5   42                  38               63
  Abdominal aorta     1.3   26                  15.5             35.5
                      1.5   33                  21               42

###### 

The time average of wall shear stress (Pa) for the aneurysmal carotid artery under pulsatile flow with a stretch ratio of 1.3 and 1.5 and mean pressure of Pm = 60 and 130 mmHg at the inner and outer sides of the bend at the maximum deflection area.

  SR = 1.3   SR= 1.5                                           
  ---------- --------- ------- ------- ------- ------- ------- -------
  Inner      Outer     Inner   Outer   Inner   Outer   Inner   Outer
  0.026      0.111     0.051   0.153   0.014   0.094   0.051   0.122
